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The purpose of this research was to develop a preliminary design of a powered pediatric
prosthetic ankle. Previous research identified the health risk of improper gait cycle and the lack
of powered prosthetic ankle options for children. Costs for powered prosthetic ankles are too
high (upwards of $5000 NZD), the sizes are too large and the weight is too significant for a child
to benefit from. Current technologies for ankle joint actuation and materials for the prosthetic
structure were evaluated and a conclusion of utilizing PPAMs was chosen due to their ability to
generate the required 300 N of contraction force. CAD was used to model the structure of a
prosthetic ankle and evaluate the FOS of the different material combinations while under static
loading and fatigue simulations. HDPE  and UHMWPE failed to withstand the simulations, while
the aluminium alloy and stainless steel showed minimal faults from the simulations. MatLab was
used to simulate the desired PPAM dimensions of 100 mm to determine the contraction force
and contraction percentage that can be generated by the PPAM. The smallest PPAM found in
research was 110 mm and showed promising results from their mathematical modeling. The
overall height of the prosthetic was no greater than 110 mm and the membrane length of the
PPAM was no greater than 100 mm, while successfully producing more than 300 N during
contraction. The results showed promising data that needs further development to allow the
benefits of this research to positively impact the lives of pediatric amputees.
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Abbreviations
Acrylonitrile butadiene styrene ABS
Computer Aided Design CAD
Finite Element Method FEM
Pneumatic Artificial Muscle PAM
Pleated Pneumatic Artificial Muscle PPAM
High Density Polyethylene HDPE
Ultra High Molecular Weight Polyethylene UHMWPE
Osteoarthritis OA
Ground Reaction Force GRF
Energy Storage and Release ESAR
Solid Ankle Cushioned Heel SACH
Controlled Energy Storage and Release CESAR
Direct Current DC
Fusion Deposition Modelling FDM
Input/Output IO
User Centered Design UCD
Factor of Safety FOS
Pulse Width Modulation PWM
Chapter 1.
Introduction
There are a very limited number of prosthetics for pediatric amputees due to the fact that
children continue to grow at a rapid pace. By the time a child is 3 years old, their tibia is nearly
50% of its maximum length. Being able to fit a child with a powered ankle prosthetic will help to
reduce the risk of early onset osteoarthritis (OA) and improve the amputee’s quality of life.
According to Khan et al (2016), between 1990 and 2002, 111600 children in the United
States received amputations. Current best practice recommends the use of prosthetic blades for
children, as these prosthetics are waterproof and have no joints. However, the blades do not
allow for a biomimicry gait cycle action as locomotion originates from the child.
Shoe-wearing for a child with a prosthetic can also create challenges. The child will
require a prosthetic that can accommodate a shoe to be fitted over the top of the prosthetic foot.
These prosthetics are of the energy storage and release (ESAR) design, which again, does not
provide a biomimicry gait cycle. Unsuccessful prosthetics are those that do not provide the
amputee with the desired effect or create pain or discomfort. For any prosthetic to be
successful, it must be designed with the amputee’s needs at the forefront of the design process.
A user-centered design process allows for the needs of the user to be uppermost in the decision
making during the development process.
To create movement in a medical device some options that are used in the industry are
electric machines and hydraulic and pneumatic systems. While all three systems have the
potential to be used in prosthetic design, there are special limitations when designing a
prosthetic for children under 10 years of age.
These limitations include issues with energy storage, others have to do with the weight
or the size of the energy storage. Pneumatic artificial muscles (PAMs) provide a high power to
weight ratio and a lower system complexity than hydraulic and electric systems. By
incorporating a simple air bladder expansion to shorten the length of the PAM and therefore
creating a contracting force, torque can be applied through a joint. This may allow a joint to
biomimic an actual ankle joint to help create a more natural gait cycle for a child learning to
walk.
To make a mechanical system biomimic the human gait cycle, the use of
microcontrollers will provide a compact, efficient processing platform for all signals and
hardware to run through. After a transtibial amputation in a child there is limited space at the
end of the residual limb, so a small microcontroller is required but must still provide the required
input/output (IO) pins. As an Arduino is a low cost option with a wide range of capability, it will be
of use in coding for a prosthetic ankle for children. The mechanical systems and
microcontrollers will also need to be mounted on a structure that will provide enough strength to
handle the ground reaction force (GRF) generated during the gait cycle.
Materials have specific properties, costs and are fabricated in different ways. Testing
different materials in any prosthetic development is costly and time consuming. The use of
computer aided design (CAD) can streamline material selection and prototyping in two ways.
Streamlining can confirm the prosthetic function and run multiple simulations, both fluid and
load, to determine the best design shape and material use. Establishing the best design and
material use, will allow for an optimum manufacturing method to be implemented in the final
design. To determine the best overall prosthetic design, the rapid prototyping methods which
can be found in 3d printing technologies must be accessed. The use of CAD software will allow
for the iteration of successive ideas, highlight any problems and allow a redesign on CAD to
take place.
Research Aims
The overarching aim of this research was to design a prosthetic ankle for children that
better suits their needs.
The primary objectives of the research are to:
Aim 1: Create a pediatric prosthetic ankle that can be fitted within a 110 mm height restriction.
Aim 2: Reduce the weight of the developed prosthetic ankle to under 900 g of the total
prosthetic weight.
Aim 3: Biomimic the natural gait cycle of an ankle in plantar/dorsiflexion with focus on toe-off
force and range of motion.
Aim 4: Keep the overall cost of the prosthetic ankle to under $1000 NZD.
Chapter 2.
Literature Review
The aspects of human leg anatomy of adults and children are covered in this chapter.
The challenges of developing a prosthetic ankle for children will also be  highlighted. The
change from the natural physiological build of a human lower leg to that of a transtibial or
transfemoral amputee is compared. The importance of generating new research into the
provision of a powered prosthetic ankle for children is also discussed. Health benefits of a well
designed prosthetic for children will then be presented, as well as its concomitant challenges.
Current technologies will be evaluated and compared to evaluate their potential use in
the development of the pediatric prosthetic ankle. Materials and tools used in current
development processes will also be discussed.
2.1 Historical
The first prosthetic that incorporated an articulating knee joint was developed in
the 16th century by Paré, and was the start of modern prosthetic design (LeMoyne, 2016).
In the years leading up to the American Civil War (1861-1865), there was an advancement in
legislation with respect to persons with amputations. After World War Ⅱ the National
Academy of Sciences put together the Committee on Prosthetic Research and Development
and developed the solid ankle cushioned heel (SACH) prosthetic (LeMoyne, 2016).
Following the development of the SACH, it was understood that energy was needed to be
returned to the stance phase of the gait cycle. This advanced the development of the energy
storage and return (ESAR) prosthetic. Some of these designs were fitted with control
systems that released the energy at a specific time, turning them into controlled energy
storage and return (CESAR) prosthetics (LeMoyne, 2016). In recent years the market is leaning
towards powered prosthetics which allow for a more accurate mechanical gait cycle due to the
energy imparted by the prosthesis.
2.2 Human Bone Development
Research carried out by Anderson et al (1964) tracked the bone growth of the tibia in
both boys and girls from the age of 1 year old. The data is as follows:
Table 1
Mean tibial length and distribution in children up to 10 years of age.











Note. Anderson, M., MESSNER, M. B., & Green, W. T. (1964). Distribution of lengths of the
normal femur and tibia in children from one to eighteen years of age. JBJS, 46(6), 1197-1202.
The data in table 1 shows the rapid growth in the tibial length over the first 10 years of a child’s
life. The overall length from years 1 to years 10 changes an average of nearly 17cm, equating to
1.7cm a year.
2.2.1 Gait
‘Gait cycle’ is the term that refers to the locomotion pattern of a moving person walking
(Kharb et al, 2011). The gait cycle has a specific range of motion that has its upper and lower
limits. Once the gait cycle goes outside the normal range there is the risk of unpredicted load
and unpredicted wearing on the joints. Plantar and dorsiflexion provide the largest range of
motion and energy into the gait cycle when compared to inversion and eversion (Kidder et al,
1996). When an amputation that removes the ankle occurs, there is a disruption to the gait cycle
in both the energy input and the range of motion.
Dorsiflexion is when you bring your tarsals and metatarsals towards your tibia and fibula
and requires between 18.66+/-7.18o and 19.48+/-6.55o for active dorsiflexion and between
22.13+/-7.39o and 22.76+/-6.93o for passive dorsiflexion. Plantarflexion is when you point your
toes down towards the ground and requires between 44.43+/-8.12o and 45.60+/-9.43o for active
plantarflexion and between 49.13+/-8.62o and 50.73+/-9.59o for passive plantarflexion. Inversion
is when you rotate your foot inwards and requires between 28.91+/-11.45o and 30.42+/-13.81o
for active inversion and between 32.85+/-8.83o and 34.56+/-11.56o for passive inversion.
Eversion is when you rotate your foot outwards and requires between 15.76+/-5.72o and
17.64+/-5.69o for active eversion and between 19.05+/-5.97o and 20.76+/-6.00o for passive
eversion. The ankle joint does not have a major rotational ability but it does allow a very slight
degree of freedom.
All of these movements are described in closed chain movement and collected by
Hallaceli et al (2014) for combined male and female. Hallaceli et al (2014) carried out an
extensive study looking at the range of motion of 987 participants. Previous studies have
observed the hip joints of 120 participants (Kouyoumdjian et al, 2012), hip joints of 105
participants, knee joints of 90 participants, ankle joints of 96 participants (Roaas et al, 1982),
and both hip and ankle joints were observed in 326 participants (Kumar et al, 2011). These
studies back up the claims made by Hallaceli et al (2014) in regards to the range of motion, with
slight variances. These variances can be attributed to age range and ethnic backgrounds.
2.2.2 Ankle
The talus, fibula and tibia provide the ankle range of motion when referring to plantar
and dorsiflexion (Jones, 2019).  Range of motion for the ankle is crucial for both ease of mobility
and stability on various types of terrain.
The foot forms an arch shape from the calcaneus to the metatarsals (Arches of the Foot,
2020) (ball of the foot) which provides energy conservation. The arches will stretch out once a
load is applied to the foot and the foot will return to the original arch shape once the load is
removed. The arch shape in the foot comprises of three arches (Archees of the Foot, 2020; see
also Little, 2020):
- Medial Arch: Composed of the navicular, talus and calcaneus.
- Lateral Arch: Made by the calcaneus, cubois and metatarsals (4th and 5th).
- Transverse Arch: found in the coronal plane and composed of the metatarsal
base, cuboid and three cuneiform bones (Little, 2020).
Because the energy is stored in the arches there is a slight shock absorption occurring
while in locomotion. This helps to alleviate shock transferring to the knee and hip joints which
are not designed to have large amounts of compression shock pass through them.
2.2.3 Amputation
There is a lack of research on pediatric amputations generally and consequently a deficit
in information on the prevalence of pediatric amputations. However, Khan et al (2016) found that
between 1990 and 2002, there were 111600 pediatric amputations in the United States of
America alone and that the age of the children requiring amputations tapered off at 7 years of
age. According to  Sabzi Sarvestani et al. (2013), for those under 20 years of age the most
common reason for amputation in the United States is trauma, followed second by congenital
anomaly. Here in New Zealand, amputations for those under 20 make up roughly 4% of the total
number of amputees or just over 170 children (Artificial Limb Service, 2014). SSimilar to the
United States, the largest cause of amputation in New Zealand is trauma (49%), followed by
vascular/diabetes (14%) and congenital at 11% (Artificial Limb Service, 2014).Everything
possible is done to restore the limb on the child amputee as to avoid the need for a prosthetic.
There are several factors to take into consideration when choosing a prosthetic for
example, weight, age, occupation, activity level and budget. Considering that the average
weight of a 10-year-old child is roughly 30 kg (Disabled World, 2017) and that an adult weighs
significantly more than a child, different features are required for adults and children. Another
restriction in the design of pediatric prosthetics is that both the height and weight of the
prosthetic is limited. If the prosthetic is too heavy, then the gait cycle of the child could be
impeded as a result of the need to overcompensate in the forward swing of the prosthetic
creating larger torque around the knee in the non-amputated leg. If the prosthetic shaft is too
long or too short, then the child will have a lopsided stance and gait cycle with respect to the
load line through the contralateral limb. Having limited options for pediatric amputees in terms of
adjustable prosthetics, myoelectric prosthetics and affordable prosthetics, allows for
development in the pediatric prosthetic market.
2.2.3.1 Type of Amputation
Within the leg there are six different types of amputations that can occur. These types
are the symes (toes and or some of the foot), ankle disarticulation, transtibial, knee
disarticulation, transfemoral and hip disarticulation (Michigan Medicine, n.d.).
What distinguishes a symes amputation from an ankle disarticulation is the residual limb
and where the amputation occurs. A symes amputation has the goal to keep as much of the foot
as possible and produce a residual limb that is not painful to walk on without the need for a
prosthesis. The heel pad remains allowing for loading through the heel during locomotion
(Carroll et al, 2020). Ankle disarticulation is the removal of the foot through the ankle joint
capsule (Figure 1), comprising the tibia, fibula, calcaneus and the talus (Carroll et al, 2020).
Ankle disarticulation will require the use of a prosthesis for amputee locomotion.
Figure 1
View of the ankle capsule showing the tibia, fibula, talus and calcaneus for the ankle
disarticulation.
Note. SMART-Servier Medical Art. (2020, April 11). Lateral collateral ligament of ankle joint
[Photograph]. Wikimedia Commons.
https://commons.wikimedia.org/wiki/File:Lateral_collateral_ligament_of_ankle_joint.png
Transtibial amputations occur between the ankle and the knee, cutting through the tibia
and fibula (Corbeil, 1986; see also M. McDowall, (personal communication June 7, 2019)).
Where the site of amputation occurs depends on the location of tissue disease or trauma. The
residual limb will have a socket molded to its specific size and shape to allow for a prosthetic to
be fitted to the amputee (M. McDowall, (personal communication June 7, 2019)). Figure 2
shows the basic process of a trans tibial amputation and how the stump is formed. A longer skin
flap is left on one side of the surgical site and is joined to the short side with stitches to enclose
the exposed surgical site in the leg.
Figure 2
Basic transtibial stump formation.
Note. Fairview. (n.d.). Your post amputation surgery [Photograph]. Fairview.
https://www.fairview.org/patient-education/88856 Copyright 2019 by Fairfield.
Knee disarticulation and transfemoral amputations have similar differences to the symes
and ankle disarticulation. Transfemoral amputations should be considered after the option of a
knee disarticulation as a knee disarticulation leaves the patella and quadriceps muscles intact
(Baumgartner, 1979). Whereas a transfemoral amputation requires the severing of the femur
and the surrounding quadricep muscles. Figure 3 shows the way in which the stump is formed
and the quadricep muscles are managed in the forming of the stump. The muscles are
surgically attached to the rear of the femur which creates a muscle layer on the end of the
stump.
Figure 3
Trans femoral amputation showing the quadriceps muscle attachment
Note. Gosselin R.A., Smith D.G. (2020) Amputations. In: Gosselin R., Spiegel D., Foltz M. (eds)
Global Orthopedics. Springer, Cham. https://doi.org/10.1007/978-3-030-13290-3_43
Hip disarticulation is the removal of the femoral head from the acetabulum, removing the
entire leg or what was remaining of the leg (Tooms et al, 1992). Figure 4 shows the anatomy of
the hip where the disarticulation occurs. A skin flap is left after the limb removal and is used to
conceal the exposed acetabulum.
Figure 4
Anatomy of the hip where hip disarticulation occurs.
Note. Askari, E., Flores, P., Dabirrahmani, D. and Appleyard, R. (2016). A review of squeaking
in ceramic total hip prostheses. Tribology International. 93. 239-256.
10.1016/j.triboint.2015.09.019.
2.2.3.2 Gait Issues
The gait cycle of an amputee is disrupted by the removal of part of a lower limb which
can result in long term consequences. Lemaire et al. (1994) determined that there was a
significant increase in amputees developing osteoarthritis in the knee of their non-amputated
leg. Price et al (2005) found that a range of secondary impairments such as; reduced bone
density in the residual limb, muscle atrophy, chronic back pain and other friction or pressure
related impairments can be generated from the unilateral amputation of the lower limbs. A
break-down of the phases in the gait cycle were linked with the forces exerted, the stride length,
stance time and velocity of the non-amputated leg. The results showed some differences in the
data provided by the research of Lemaire et al. (1994).
2.2.4.3 Post Amputation Surgery
The length of the residual limb of an amputee has an impact on the type of prosthetic the
amputee can use and the force transfer through the residual limb (Osebold et al, 2001.
Esquenazi, 2004).
Osebold et al (2001) followed 6 amputees starting at ages from 9 months old to 5 years
of age. The children underwent epiphysiodesis which is an operation to destroy the growth
plates of a bone to stop its lengthening during growth. The research found that the earlier the
surgery occurred, the greater the growth discrepancy would be after maturation of the amputee.
For a boy, at the age of three years old the tibial length is already at about 45% of its total
length, and for girls at the same age, the tibial length is at approximately 49% (Anderson et al,
1964).
With the lack of testing and research there is an open discussion on whether or not to
keep as much length in the residual limb as possible, or to carry out epiphysiodesis to stop the
length of the bone as the child ages (Esquenazi, 2004; see also McQuerry et al, 2019; Osebold
et al, 2001). Esquenazi (2004) and McQuerry et al (2019) support the idea of preserving the
length of the residual limb, suggesting that there is some suggestive function in maintaining the
residual limb length, and having a longer residual limb length allows for improved prosthetic
suspension and force transmission.
2.2.3.4 Current Prosthetic Market
There is a lack of research on pediatric amputations generally and consequently on the
prevalence of pediatric amputations. Everything possible is done to restore the limb on the child
amputee as to avoid the need for a prosthetic (Khan et al, 2016). However, Osebold et al (2001)
suggested that pediatric patients undergo epiphysiodesis to create a larger growth deficit at the
time of maturity to allow for a larger, more sophisticated prosthetic to be fitted.
There are several factors to take into consideration when choosing a prosthetic for
example, weight, age, occupation, activity level and budget. Considering that the average
weight of a 10-year-old child is roughly 30 kg (Disabled World, 2017) there are restrictions in the
design of pediatric prosthetic ankles such as the height and weight of the prosthetic. If the
prosthetic is too heavy, then the gait cycle of the child could be impeded as a result of the need
to overcompensate in the forward swing of the prosthetic creating larger torque around the knee
in the non-amputated leg. If the prosthetic shaft is too long or short, then the child will have a
lopsided stance and gait cycle with respect to the load line through the contralateral limb.
Current use of prosthetics (SACH, CESAR) may result in poor gait development and
habits that can have long term negative effects on the amputee’s body (Lemaire et al, 1994).
Considering that proper gait should be developed when learning to walk, a lack of energy in the
gait cycle will result in the development of improper gait. SACH and CESAR prosthetics fail at
the toe-off phase of the gait cycle, because 80% of the energy in the gait cycle is applied at the
toe-off phase (LeMoyne, 2016). SACH and CESAR prosthetics cannot provide additional energy
as they only act as a spring and can therefore only add energy into the gait that was impacted
onto the prosthetic.
Figure 5
Flex-Run Junior Drawing with dimensions (Össur, 2019).
Note. Össur. (2019) Flex-Run Junior. Össur. Retrieved on 5/09/19 from:
https://assets.ossur.com/library/40928/Flex-Run%20Junior%20Catalog%20page.pdf Copy right
2019 by Össur.
The Flex-Run Junior by Össur (Össur, Ca, USA), Figure 5, prosthetic relies both on the
elastic modulus of the blade material and the shape of the blade. The smaller the radius of the
top curve, the greater degree of flexion in the blade. Having more flexion will allow for a longer
impact time during the heel-strike and toe-off phases of the gait cycle. However, the maximum
weight that the blade can carry will be reduced. To counteract this the thickness of the blade can
be increased and thus the weight, or the radius of the curve can be increased, making the blade
more rigid.
According to M. McDowall from the New Zealand Artificial Limb Service, Dunedin
(personal communication June 7, 2019), an adjustable ankle for adults will cost approximately
$5000NZD (personal communication). As children tend to be more active (Activity Level K4), the
likelihood of failure in mechanical joints due to the presence of foreign matter is significantly
increased. To avoid mechanical failure in pediatric prosthetics, companies like Össur and
Ottobock are removing joints from pediatric prosthetics and focusing mainly on blade-style
prosthetics.
For the mechanical ankle that can be adjusted, the Proprio Foot from Össur provides
50mm of adjustability with the push of a button (Össur, 2019). As the ankle can provide a range
of different heel heights, the need for different prosthetics for different shoes is largely
eliminated providing that the heel of the shoe falls within the range of the mechanical ankle
(Figure 6).
Figure 6
Pro-Flex® LP Align by Össur, drawing showing build height.
Note. Össur. (2019) Pro-Flex LP Align. Össur. Retrieved on 5/09/19 from:
https://assets.ossur.com/library/40269/Pro-Flex%20LP%20Align%20Catalog%20page.pdf
Copyright 2019 by Össur
The Pro-Flex® LP Align (Össur, Ca, USA)  Figure 6, is designed for adults that require a
range of different heel heights due to the different styles of footwear worn. According to M.
McDowall, (personal communication June 7, 2019), the adjustment of the heel height is
accomplished by pressing a single button. This releases the ankle mechanism to allow the
height of the heel to be changed. Table 2, provided by the Össur, shows the weight ranges from
45 kg to 116 kg, and covers low to moderate activity levels. As weight increases the categories
of foot will increase from 1 through to 6. As the activity level increases, then the required
category for the weight range also increases. For example, the weight range of 53kg to 59kg
with a low impact has a category of 1-3, and the same weight category at a medium impact has
a category of 2-3.
Having limited options for pediatric amputees in terms of adjustable prosthetics,
myoelectric prosthetics and affordable prosthetics, shows a gap in development in the pediatric
prosthetic market. For a child to afford the benefits of powered prosthetic ankles, the costs, size
and weight need to be reduced. The prosthetics that are currently available fill a need for the
target customers, but negate the needs of the developing child. Asking a family to pay at least
$5000 NZD every time the child outgrows their prosthetic is unreasonable. By looking at the
current market we can evaluate the function and cost to determine where improvements can be
made. Then, by looking into the current technologies that are available a new design that
encompasses the current desires and the target age group.
2.3 Available Technology for Use in Powered Prosthetics
While there is a range of current technologies that can be used for ankle joint actuation,
each method of actuation has its own set of pros and cons. These current technologies use
different systems but can all be controlled from microcontrollers. Looking into hydraulics,
pneumatics and electronic motors will provide an extensive comparison to the abilities of each
actuation method for the purpose of creating a powered pediatric prosthetic ankle.
For a powered prosthetic ankle there are many different systems that can be used to
generate mechanical energy for the gait cycle of the amputee, ranging from pneumatic systems,
to hydraulic systems, and electric systems (Lashowski et al, 2018). For more advanced
prosthetics there is research being carried out to determine the optimum muscular signal to use
to process the activation signal for plantarflexion which provides 80% of the energy to the gait
cycle (Garikayi et al, 2018). As pediatric amputees are smaller when compared to an average
adult, there is the need to develop a small, compact system.
2.3.1 PAMS
Pneumatic artificial muscles (PAMs) function on the properties of elastic cylindrical tubes
that contract on the application of a compressed gas into the PAM (Lashowski et al, 2018). As
the compressed gas flows into the PAM, the PAM will expand and force a contraction along the
length (radial expansion) of the PAM. Lashowski et al (2018) determined that PAMS provide
higher power densities when compared to electromagnetic alternatives and have similar elastic
properties to that of the biological muscles in the body. This is backed up by Ashwin et al (2018)
and Ugurlu et al (2019) who also stated that PAMs have a high power to weight ratio and do not
require the use of a gearing system to apply its torque to a system. When Lashowski et al
(2018) compared power densities they discovered that PAMs could generate 1.5kW/kg to 10
kW/kg, pneumatic cylinders could generate 0.4kW/kg and DC machines could generate 0.1
kW/kg. Other research by Ashwin et al (2018) determined that modern PAMs can weigh 800
grams, and have a lifting force of 6000 N.
There are 5 different categories of PAMs, Yarlott Netted Muscle, McKibben Muscle,
Paynter Hyperboloid Muscle, Pleated Muscle and ROMAC Muscle (Anddrikopoulos et al, 2011).
The different designs have been developed for different applications such as industrial (Yarlott),
biorobotics (McKibben), medical (Pleated) and aerospace (ROMAC). For development of a
powered pediatric prosthetic ankle either the pleated or McKibben PAM is appropriate.
Verrelst et al (2006) developed a bipedal walking robot called Lucy that used Pleated
Pneumatic Artificial Muscles (PPAMs) because of the high power to weight ratio, and
determined that PPAMs are suitable for power legged robots. Having an actuation method that
is lightweight but generates a high force will help to enable the development of a smaller, lighter,
powered pediatric prosthetic ankle.
Figure 7
Pleated Pneumatic Artificial Muscle Actuator.
Note. Daerden, F., and Lefeber, D. (2002). Pneumatic artificial muscles: actuators for robotics
and automation. European journal of mechanical and environmental engineering, 47(1), 11-21.
Figure 7 shows the action of PPAMs and how the expansion creates the contraction.
PPAMs use pleats running along the vertical axis which will allow for expansion of the bladder to
create the contraction of the actuator. As the number of pleats is increased, the stress
perpendicular to the axis is further reduced (Daerden et al, 2002). To operate a bidirectional joint
using PAMs there is the need for two PAMs as they are unidirectional (Ugurlu et al, 2019). The
setup of two PAMs is referred to as an antagonistic system as they operate in opposing
directions. Using PAMs to create a mechanical movement of a joint allows for simple control
systems as the pressure only needs to be tracked on one of the PAMs, while the other PAM is
acting as a tension sprint to return the joint back to neutral (Tóthová et al, 2013). PAMs can not
have 100% contraction as the bladder material will fail structurally. For a PAM, the larger the
PAM radius is, less contraction will occur but a greater contraction force will be produced
(Daerden et al, 2002). If the bladder has a thickness of 0 mm, then the maximum contraction
calculate is 54% when modelled as a force function which depends on the values of broadness
(radius of PAM divided by the length of the PAM) (Verrelst et al, 2005)
A simple model has been developed by Chou and Hannaford that can model the
actuator in its simplest geometrical form while in a static position (Andrikopoulos et al, 2011).
The assumptions in Chou and Hannaford’s model are as follows:
1. the bladder of the actuator is cylindrical
2. the fibres of the mesh that surround the bladder are inextensible and remain in contact
with the outside of the bladder
3. the forces in the bladder are negligible
4. friction forces in the system are negligible
The actuators can be drawn into simple rectangles to represent the bladder and lines to
represent the helical fibres that make up the mesh around the bladder (Anddrikopoulos et al,
2011; see also Chou et al, 1996). Tondu has developed a similar simple model, however, the
Tondu model takes into account the change in angle between the fibres of the mesh and the
centre axis of the actuator (Anddrikopoulos et al, 2011).
For a more accurate model, the assumption of cylindrical expansion is not used. Ugurlu
et al (2019) developed a formula to calculate the force generated by the contraction of the PAM.
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Equation 1. Force calculation
Where is the pressure of the gas applied to the system, L is the length of the PAM and is the𝑃 𝐹
force due to contraction.
The mathematical modelling of a PPAM varies as there is the theoretical non-elastic
properties and the formulas make use of the First and Second kind elliptical integrals
respectively (Daerden et al, 2001; see also Verrelst et al, 2006). Formulas𝐹(φ\𝑚) 𝑎𝑛𝑑 𝐸(φ\𝑚) 
2 and 3 are those derived by Daerden et al (2001) and Verrelst et al (2006) respectively.
𝐹 =  𝑝𝑙² 𝑓(ε,  𝑙/𝑅,  𝑎)
Equation 2. Force calculation
Where is the internal pressure of the PPAM, is the original length and is the dimensionless𝑝 𝑙 𝑓
force function.
𝐹 =  𝑝 𝑛/2ℼ 𝑠𝑖𝑛(2ℼ/𝑛) 𝑙₀² 𝑓(ε,  𝑙₀/𝑅)
Equation 3. Force calculation
Where is the pressure, n is the number of fiber lengths, lo is the original length of the PPAM𝑝
and f is the dimensionless force function.
Equations 2 and 3 use a dimensionless force function with contraction and muscle
slenderness. The dimensionless force function feeds into the contraction force equation to give
a theoretical force line plotted against the percentage of contraction of the PPAM. Figure 8
shows the Daerden et al (2001) plot of the dimensionless force function (equation 4).
Figure 8
Dimensionless force function.
Note. Daerden, F and Lefeber, D. (2001) The Concept and Design of Pleated Pneumatic
Artificial Muscles. In International Journal of Fluid Power 2, 1(1), 41-50.
𝐹(φ\𝑚)
√𝑚 𝑐𝑜𝑠φ =  
𝑙
𝑅  (1 +
 𝑎
2𝑚 𝑐𝑜𝑠φ ) 
Equation 4. Force calculation
Where and are the elliptical integrals of the first kind.𝑚 φ
Once the dimensionless force function is created, each of the data points is fed into
equation 2, giving the plot of the theoretical force that will be generated at any point during the
contraction. For a PPAM it is possible to solve  equation 4 with the assumption of = 0 as an𝑎
ideal PPAM will have no elastic properties in the PPAM membrane.
Figure 9
Contraction force produced using dimensionless force function taken from (Daerden et al, 2001)
Note. Daerden, F and Lefeber, D. (2001) The Concept and Design of Pleated Pneumatic
Artificial Muscles. In International Journal of Fluid Power 2, 1(1), 41-50.
Figure 10
Contraction force from 110mm PPAM (Verrelst et al, 2006)
Note. Verrelst, B., Ham, R,V., Vanderborght, B., Lefeber, D., Daerden, F and Damme, M, V.
(2006) Second generation pleated pneumatic artificial muscle and its robotic applications.
Advanced Robotics, 20(7), 183-805.
Daerden et al (2001) produced Figure 9 as a result of their mathematical modelling of
their PPAM. When compared to Figure 10 showing the contraction force generated by a PPAM
with a length of 110mm, it demonstrates the higher performance of a PPAM of only 110mm.
Comparing the force output of the PPAM of Verrelst et al (2006) and Daerden et al (2001), it
shows that the second generation PPAM made by Verrelst et al (2006) has a higher efficiency.
While the length has increased to 110mm, there is also the addition of longitudinal fibers that lay
within the pleats of the muscle. These fibers are made of a non elastic material such as kevlar
to help to transfer the forces between the end caps of the PPAM. There was however, the
fatigue failure of the fibers after cyclic actuation of the PPAM. The fibers were breaking at the
join of the end caps where the resin held the cap, fibers and membrane in place. Casi (2009)
attempted to fix this point of failure by using only one length of fiber for all pleats. His method
was to lay the fiber in the pleat, wrap the fibre around the end cap and proceed to lay the fiber in
another pleat. By doing this, there was the continuation of force transfer through the continuous
length of fiber.
2.3.2 Electric Motors
Electric motors create a rotational energy that can be used to create actuation of many
parts with the use of gearing and/or direct drive. Stepper motors can be accurately controlled
due to their electrical control, whereas DC motors are less controllable.
Electric motors come in two common forms, DC motors and stepper motors. DC motors
use a direct current to create an electromagnetic field within copper windings, while stepper
motors use an alternating electrical signal to be able to control the speed, direction and total
degrees for rotation. Electric motors can generate high angular velocity but as the angular
velocity increases, the peak torque that is produced decreases (Collins, 2015; see also
Lashowski et al, 2018). Figure 11 shows the relationship between the angular velocity increase
and the torque production decrease for a DC motor. To increase the torque output of an electric
motor there are two options, either run the motor with a limited maximum angular velocity or run
the motor output through a transmission (Lashowski et al, 2018). As the ankle has a specific
range of motion, a stepper motor would provide an accurate measure of where the joint is within
the specified range during locomotion.
Figure 11
DC Motor Torque vs Rotational Speed.
Note. Phidgets Inc. (2019, May 30). DC motor torque vs rotational speed. [Photograph]. DC
Motor And Controller Primer. https://www.phidgets.com/docs/DC_Motor_and_Controller_Primer
Copyright 2019 by Phidgets Inc.
Electric motors require a source of electricity, found primarily in lithium ion batteries. A
powered prosthesis requires an energy source, which commonly takes the form of a battery.
Three common battery types are lead acid, lithium ion and nickel metal hydride (NiMH). Each of
these battery types have different energy densities and purposes. A lead acid battery is
commonly used in vehicular settings and in storage for solar energy. Lead acid batteries can
have the ability to provide a high current output for a low cost and have an energy density of
25Wh/kg (Shapley, 2012).
Lithium ion batteries are used mainly in consumer electronics and have an energy
density of 150 Wh/kg (Shapley, 2012). However, there are issues with overheating of these
batteries and if the temperatures get high enough, there is potential for an explosion to occur.
NiMH batteries are a mix of rare earth metals and common metals; this combination gives the
NiMH an energy density of 100 Wk/kg. Serious consideration must be given to the total weight
of the prosthetic when developing a powered pediatric prosthetic.
2.3.3 Hydraulics
Using a hydraulic system to provide mechanical force to a gait cycle is advantageous as
a liquid is incompressible. Lashowski et al (2018) determined that accurate force control is
essential as the system needs to have knowledge of positioning and applied force in order to
recreate as accurate a gait cycle as possible. By using the incompressible properties of liquid,
the uncertainty of positioning when a load is applied to the system is removed. The accuracy of
hydraulic systems is already utilized by the medical field in a US patent 8,308,757 B2 from 2012
filed by Hillstead et al (2012) which shows an elongated clap system that uses a hydraulic
cylinder block that allows for the hydraulic fluid to be pushed through the system. Figure 12
shows the elongated clamp that uses a hydraulic fluid system. Measuring the positioning of the
hydraulic systems is more accurate due the incompressible properties of the hydraulic fluid.
Figure 12
Hydraulic Actuated Medical Device
Note. Hillstead, R. A., & Knodel, B. D. (2012). U.S. Patent No. 8,308,757. Washington, DC: U.S.
Patent and Trademark Office.
There is the need for only one hydraulic cylinder to operate a bidirectional joint as a
hydraulic cylinder has the ability to both extend and contract with the change in hydraulic
pressure acting on the inside of the cylinder. Hydraulic systems require the use of pressurized
tanks, pumps, DC machines, valves, hydraulic cylinders, and the hydraulic fluid (Lashowski et
al, 2018). These systems are complex and are vulnerable to leaks if high loads are applied as
the hydraulic liquid is incompressible.
2.3.4 Materials
In the early history of prosthetics, the most basic materials were used, such as wood,
bronze and iron (LeMoyne, 2016). Using metals such as bronze and iron add mass to a
prosthetic an amputee must be able to handle and control, while having comfort. This is
particularly so as iron has a density of 7850 kg/m3 and bronze has a density range of 7400-8920
kg/m^3, depending on the alloy (Engineering ToolBox, 2004). Due to the large densities of the
traditional metals from the history of prosthetics, they are not the ideal materials for creating
modern, functional and comfortable prosthetics.
Prosthetics have developed in parallel to the development of materials and
manufacturing methods. As composite materials and new materials were developed, their
properties and abilities were being explored in relation to how they could be utilized in
prosthetics. Prosthetics require different properties, such as smooth action, energy storage and
return, being light-weight, structurally sound and custom-made. A great deal of consideration
has been given to the socket, as the socket is the interface between the residual limb and the
prosthetic.
Figure 13 taken from Jia et al (2004) is a force diagram of the forces that occur through a
trans tibial prosthetic and the stump. In Figure 11, the forces shown are during the heel-strike
phase and demonstrate the offset in forces that create a shear force. From the heel there is a
GRF that reacts to the right of the force generated at the socket at the pivot point (C1) position.
As the force at C1 is applied offset to the GRF at the heel, the pivot point has a shear force
generated. From this, Jia et al. (2004) were able to create a finite element model as a basis on
which to run CAD simulations. This approach gives a more accurate simulation result.
Figure 13
Loading through prosthetic leg and socket.
Note. Jia, X., Zhang, M., & Lee, W. C. (2004). Load transfer mechanics between trans-tibial
prosthetic socket and residual limb—dynamic effects. Journal of biomechanics, 37(9),
1371-1377.
The simulation results gave insight into the importance of the material used for the liner
of the socket. As the skin on the stump is scarred and sensitive, the material used needs to
reduce pressure points and friction. This is done by controlling the forces that are put through
the prosthetic and stump system. As the heel contacts the ground a shear force will act upon
the stump. During the transition to the stance phase the shear force gets transformed into a
compression force in the downward direction. Once the stance phase has been passed, the
force is transformed back into a shear force (Jai et al, 2004). To reduce the risk of friction the
liner will need to provide cushioning and a malleable point of contact for the stump. The
amputee’s level of activity will determine the thickness of the liner and the resultant cushioning.
Prosthetics are designed for the purpose of the intended activity levels of the amputee. A
highly active amputee will have a prosthetic that uses fewer parts but provides the ability to
absorb more energy from the GRF, much like the Flex-Run Junior. While these will provide
optimum performance during high energy activities, they will provide poor gait cycle for the
amputee. As an amputee will not always be partaking in high energy activities they will require
the ability to develop a more natural gait cycle to help prevent early onset OA. However, both
types of prosthetics will need to have the ability to take the loading forces and the GRF without
failing. Designing a prosthetic to take the required forces will need to utilize the properties of
materials in order to keep the weight of the prosthetic to a minimum, especially when designing
for children. Materials have different properties that need to be taken into consideration before
use, no matter the area of design.
Common materials used in modern prosthetics are polymers, metals, and composites
(M. McDowall, (personal communication June 7, 2019)). Each different material will be used in
different positions in a prosthetic. The major force to deal with is compression from the heel
strike to toe off phase of the gait cycle. While metals can handle high compression loads, the
high density of metals will, however, create a significant hindrance for a child. Polymers are light
weight with respect to metals due to them having a lower density, although they cannot handle
as large a compression force as metals would. If a prosthetic was being designed for a child
then polymers would be a suitable substitution as the load of an average child is lower than that
of an average adult (M. McDowall, (personal communication June 7, 2019)). To create the load
bearing structures, no matter the density of the material, the goal is to reduce the total amount
of material used to reduce the overall weight of a prosthetic. Forces can be controlled by the
intelligent use of materials and design. A good example of this is a truss bridge, as they use the
properties of triangles and compression/tension forces to allow for high loads to be put on the
bridge.
2.3.5 Manufacturing
Manufacturing a product has many different options available, and each material used
will require different methods of manufacturing with different costs associated with the methods.
There are two ways to approach the manufacturing of a prosthetic, either mass production or
custom production. Costing per part or product will be different depending on the manufacturing
method used. Mass production allows for a high throughput of finished parts/products which
reduces the cost per part/product as you increase the throughput. Each part/product will be
identical, not customised to the user.
The benefits of having a custom part/product means that the user has a more tailored
experience and for a prosthetic, having it built to the needs of each child will deliver them a
greater result. The costs are increased with custom parts/products as the setup, tooling,
molding, and assembly will be different every time. Changing these for every part/product
production will add time to the process and it can add material use to the process if new molds
need to be created. A recent development for domestic customization has been the rapid
development of the additive manufacturing process and the desktop fusion deposition modelling
machines (FDM). FDM uses polymer extrusion to produce a design that has been generated on
CAD. The material is added to the construction rather than the traditional methods of subtractive
manufacturing. Additive manufacturing machines allow for easy custom parts/products to be
created and keep down the cost of manufacturing. Larger builds will take longer to produce,
more material, will not reduce the life of the tooling as there is no tooling done on the FDM
machine. The traditional machining of metals has the added cost of tooling in the process as the
process is called subtractive manufacturing and the tools used will get worn down after high
use. Common machines used to process metals into a part/product are lathes and milling/CNC
milling machines. Lathes are used to spin the metal at high speeds (for removing material),
while a milling machine holds the metal part while a tooling bit is spun at high speed and
material is then removed. The processes can be expensive due to the time, cost of the machine,
and tooling bits, as well as wasteful due to the material being removed rather than added like
FDM.
When designing and manufacturing a prosthetic, the prosthetic needs to be fit for the
individual that is going to be using the prosthetic. Each amputee will have a different size,
weight, strength, and height which will affect the size of the prosthetic. To keep the cost of the
overall prosthetic to a minimum there needs to be a crossover of mass production and the ability
to be customized to the amputee. Each transtibial amputation will have a different residual
length which will result in a difference in the overall height restriction of the prosthetic, so the
shaft of the prosthetic will need to be adjustable or easily replaced. Mass producing
interchangeable parts or producing customisable units will allow for a child amputee to maintain
the use of a powered ankle. Enabling the continued use of the powered ankle prosthetic will
help to reduce the overall cost to the family and allow the child to continue to develop a more
natural gait cycle then the standard blade prosthetic.
However, developing a design during research will require rapid prototyping as the
design will change as data is collected. To manufacture prototypes, FDM will provide the ability
to make prototypes cheaply and quickly, and have models on CAD for use in computer
simulations. When manufacturing on an FDM machine, Durgun et al (2014) found that the
orientation of the print and raster angle had an impact on the mechanical properties. When
using the FDM machine to carry out rapid prototyping, the orientation and the raster angle will
only need to be considered if there is the intention of carrying out active load testing consisting
of tensile force. For a compression load, Galantucci et al (2008) compared load, material
consumption and manufacturing time. The authors printed three cylindrical samples, one with
straight sides, one with angles cut into the side at 50 degrees, and one with angles cut into at 20
degrees. Optimization of FDM parts was the overall goal, weighing up cost (material
consumption and time) and the maximum stress the cylinders could manage. From their results
it shows that the angled cylinder  did not withstand as much stress as the zero angle cylinder,
but consumed less materials and took less time to print. It is standard that the structure with less
stress focal points will be able to withstand higher stress loads. However, over engineering a
structure like a prosthetic can add extra costs due to materials and time. To ensure a structure
or design is safe, data can be collected on the factor of safety of a structure. The factor of safety
gives a scale on how much a structure can take of the intended load and if it takes more than its
intended load then it will score higher than 1. For example, if an intended load is 100kg for a
structure and it takes 150kg, the factor of safety is given as 1.5. If the factor of safety falls below
1.0 then the structure will not hold its intended load. FDM will allow for the rapid development of
designs and if the intended manufacturing method is FDM then material optimization through
FDM will be essential to a sound design.
2.4 Automation
There has been some research into the processing of muscle signals from the residual
muscle in the residual limb. In order to obtain a usable signal the residual muscle needed to be
preserved. Garikayi et al (2018) determined that the osteomyoplastic procedure preserved the
effectiveness of the muscles. There was however, a difference in amplitude of the signal
produced, the non amputated limb had a greater amplitude from the same muscle on the
amputated limb (Garikayi et al, 2018). To accurately measure the signal for plantarflexion
activation, they recommend using the soleus muscle, if that is not available due to the level of
amputation, the use of the gastrocnemius muscle should be used.
Processes in a powered prosthetic are automated by the use of an onboard computer
referred to as a microcontroller. Microcontrollers have both programmable analog blocks and
programmable digital blocks with a central processing unit which allows for communication
between the two signal blocks (Snyder et al, 2004). Some microcontrollers can support both
embedded functions and communication functions (Mergard et al, 2002). Embedded functions
are those that use the internal processor to carry out the programmed function, while
communication functions are those that send and receive signals in either analog or digital
forms. The difference between analog and digital signals are the forms that they take once
produced. Analog signals consist of a wave that is continuous but over time will change in
amplitude, and can be represented as a sine wave. A digital signal is also referred to as a binary
signal, which is either 1 or 0 and these two numbers represent on or off respectively. Digital
signals are represented by square or rectangular waves depending on the duration of the digital
signal.
Microcontrollers now are utilized in place of mechanical and electromechanical
components to create more reliable systems (Snyder, 2012). Microcontrollers can be either
reconfigurable, meaning that quick uploads and edits of code can be implemented onto the
same microcontroller, or  microcontrollers can be one time programmable units which will not
allow for edits but are used for specialty applications (Snyder, 2012).
Arduino is a company that produces open source microcontrollers and code to allow
ease of access to developing systems for either low cost automation for systems, or used by
hobbyists. For developing a test device, the use of a reconfigurable microcontroller that is
produced on a mass scale will benefit the development phase as it will allow for quick editing of
code and reduced cost for the development. Arduinos utilize both analog and digital signals for
both input and output (IO) to and from connected hardware (Arduino, 2020). The Arduino Nano
33 BLE Sense is the smallest microcontroller from Arduino with a size of 45mm x 18mm. It
carries on board sensors such as a 9 axis inertial sensor and gesture/proximity sensors which
makes it ideal for wearable applications (Arduino, 2020). Hardware and sensors can be added
to the Arduino board by the use of the IO pins, voltage out pins, and ground pins.
Arduinos have been used to create many different projects, such as by Baraka et al
(2013) who used an Arduino MEGA board as their central controller to create a smart home.
The prototype allowed for users to create commands from a device with Android operating
systems to the Arduino MEGA. To give the readings from the sensors to the user the Arduino
MEGA retrieves the data signals and presents the data through the user interface (UI). The
sensors are set up to read from a clothes dryer, water heater, iron, dehumidifier, dishwasher,
weed eater, vacuum cleaner, and well pump. Code uploaded to the board allows the tasks to be
prioritised depending on the resources that are available. This demonstrates the ability to cover
a wide range of applications within the home from just one Arduino board.
Arduinos have also shown to be a positive impact on the use of water in an irrigation
system when used in conjunction with a Raspberry Pi following the research carried out by
Agrawal et al (2015). Figure 14 shows the communication network between the Raspberry Pi,
Arduino, ultrasound sensor, solenoid valves, and relays. Agrawal et al (2015) set up the
communication network to go through the Raspberry Pi from a Gmail account and the arduino
itself. Once the Raspberry Pi received the communication it would then send a signal to the
Arduino to pump the water for X minutes. The email can be sent from any computer, as the
Raspberry Pi is connected to the internet, and the subject line is extracted for the command to
be carried out. Agrawal et al. created the program to look out for the subject line reading: “run
irrigation system for X minutes”, where the X is the number of minutes written in full. While the
Raspberry Pi is polling for the emails, the Arduino is reading the level of the water reservoir and
sending that back to the Raspberry Pi. They found that the system can easily be fully automated
but the email communication system allows for manual activation as the weather might have
different effects.
Figure 14
Communication for a smart irrigation system.
Note. Agrawal, N., & Singhal, S. (2015, May). Smart drip irrigation system using raspberry pi
and arduino. In the International Conference on Computing, Communication & Automation (pp.
928-932). IEEE
A medical application was researched using an Arduino as the microcontroller to aid in
the rehabilitation of hands (Gagliard et al, 2011). The rehabilitation device uses pneumatic
pressure to expand bladders that are attached to the back of the fingers. It has been designed
for victims of strokes and to allow them to have rehabilitation at home to avoid expenses from
the regular physical therapy as there can be limited cover from insurance and the requirement
to be at the clinic. Gagliard et al (2011) set out to create a medical device at low cost and ease
of use to help cater to stroke victims. The Arduino controls the pressure in the air bladders by
regulating the voltages leading to the electro-pneumatic regulator and the solenoid valves. The
user was able to see the pressures and the sequence on a liquid crystal display (LCD). By using
an Arduino, the cost of creating a control system was greatly reduced compared to the cost of
having to create a specialized control system. A knee brace was developed by Park et al (2014)
which used specially designed flat PAM with a zero volume chamber and kevlar fibres. Their
design showed a peak contraction force of 38 N (initial force) with a pressure of 104 kPa. Their
design was intended for infants or young toddlers, furthermore, they discovered there was high
repeatability of their system.
A system to control PAMs was developed by King et al (2017) by using an Arduino Uno
to control the pneumatic pressure and read the sensor data from the PAMs. The valves were
controlled by the Arduino, at 30 Hz for both in the flow in and out of the PAMs. This paper
highlights the simplicity of a pneumatic system with an Arduino as the microcontroller for the
control system. Roper et al (2014) demonstrated the simplicity of the Arduino set up using the
text language that makes it easier to code. When coding their robot they found that it is
important to take into account the time it takes for some components to carry out their function
before progressing in the code. This is done by creating delays in the code for a set time period
to allow for the operation to occur. Roper et al (2014) found that for their robot to carry out the
servo function they required the use of a 1 second delay so smooth operation could occur.
A wide range of Arduinos are available, each with different specifications and sizes. The
selection of microcontrollers from Arduino are the Arduino Uno, Arduino Nano, Arduino MEGA
and Arduino Due (Arduino, 2020). Each of the Arduino boards supports analog and digital IO
through pin connections or connection points. An individual IO pin is able to send or receive one
signal, so if there is the need to have 7 outputs and 7 inputs and they are required to be digital,
then the board will need 14 digital IO pins. For smaller systems, the requirement for pins will be
reduced, allowing for the use of smaller boards to save cost and space. For example, the
Arduino MEGA has 54 digital pins and 16 analog pins, while the Arduino Nano has 14 digital
pins and 8 analog input pins with analog output only going through the pulse width modulation
(PWM) pins. The difference in size relates to the number of pins available on the board. The
Arduino MEGA is 101.52 mm x 53.3 mm, with a weight of 37 g, compared to the Arduino Nano
at 45 mm x 18 mm, with a weight of 5 g.
Arduinos have been shown to be versatile to a wide range of applications and readily
available for affordable, rapid development of projects. Code is uploaded through the USB
connection and compiled in the Arduino compiler. The online community is active with providing
solutions and help to those that are stuck on certain aspects of their code, this allows for more
productive development of the code and the overall system. For a prosthetic, the Arduino will
need to be small in order to fit a pediatric prosthetic and be able to balance the required sensors
and valves to actuate accurate gait. For developing a pediatric powered ankle the use of the
Arduino Nano will be optimal due to the size and cost of the board. Having an inbuilt 9 axis
inertial sensor built into the Nano board means that there is no need to use an IO pin for an
inertial sensor and the 14 digital IO pins available will be adequate to control PAMs and
positioning sensors.
2.5 Prosthetic Development Process
2.5.1 User Centered Design
According to Mao et al (2005) user centered design (UCD) is  a multidisciplinary design
approach to enhance the understanding of the user requirements when designing. Fox et al
(2008) looked into the need to combine agile development and UCD to ensure the software that
was developed satisfied the customer but found that agile development does not always provide
a user friendly user interface. From this, Fox et al (2008) wanted to combine the effective
product development agile strategy, with the UCD strategy to provide the end user with an
effective product.
However, some have suggested that there is a movement from UCD to participatory
design (Sanders, 2002). Participatory design incorporates the ideas of all involved and allows
each participant to add their own ideas when provided with the correct tools. This is also
described as a post design strategy, working with the users while they are in their place of work
or living to help them participate more in the design process.
The use of UCD and participatory design have their own areas of strength and
usefulness. While both aim to provide an optimized design strategy, these approaches are
altered slightly to create a different design experience. Currently, the prosthetics designed for
children do not take into account the need for a child to develop a natural gait cycle to reduce
the risk of developing future health issues. The current designs do allow for a high activity level,
but do not encompass the development of the child. This is where the UCD can be used to
accomplish an effective prosthetic ankle to help develop a gait cycle.
2.5.2 Computer Aided Design (CAD)
In order to manufacture and sell a prosthetic in New Zealand, international standards
must be followed to ensure the safety and wellbeing of users. ISO 10328:2016 has specific
guidelines on the lower limb prosthetic and ways the prosthetic needs to be tested as an entire
system (ISO, 2016). ISO 22675:2016 is more specific in the fact that this ISO relates to the
foot-ankle of lower limb prosthetics (ISO, 2016). So not only do the guidelines of 10328:2016
must be satisfied, but subsystems of a larger system (such as the foot-ankle to the entire limb)
must also satisfy specific ISOs such as 22675:2016.
To test if a design can comply with the  ISO standards without spending money to build
the design, there is the option to use CAD software to create a computer model and run
simulations on the model. There are different CAD software packages that can be used, some
are specific to industrial areas, while some are more generic. Common CAD software is
Dassault Systemes SolidWorks and Autodesk Inventor. SolidWorks (Dassault Systèmes,
Massachusetts USA) has a wide range of industries covered, including aerospace & defense,
industrial equipment, marine and offshore, home & lifestyle, life sciences (medical devices), and
transportation & mobility (SolidWorks, 2020). Villa et al (2003) did an evaluation on the data
from a knee prosthesis in both in vitro and computer simulations. They discovered that the main
cause of knee prosthesis failure is due to the degradation of ultra high molecular weight
polyethylene (UHMWPE) used in knee arthroplasty. To compare the CAD simulated and the in
vitro results they used Fuji Prescale pressure sensitive films (Fuji Film, Minato City Japan) which
will turn varying shades of red depending on the amount of pressure applied to the area
(FUJIFILM, n.d). Fuji Prescale film was found to give inaccurate results when applied to the
curved surfaces in the knee prosthesis. When compared to the CAD-FEM, there was a
discrepancy of +/-6%, which is less than the literature that was read giving a discrepancy of
20-25%. Their results showed that CAD gave similar fatigue results to those from the in vitro
tests that were carried out.
CAD gives the option to create quick edits to a model and then run the model through a
large array of simulations. Load simulations from CAD show points of high stress concentration,
points of failure, and can provide an animation on the way the failure may occur. Simulations are
able to handle a range of different materials within the single simulation. As some products are
composed of more than a single type of material, the CAD model can have each part assigned
with a different material and their properties. Each file made in CAD can be converted to
different file types for use in manufacturing the model on the file. For rapid prototyping there is
the option to save the model as an STL file for use on a FDM machine. If the model is to be
manufactured as a final product there are a few options, either sheet metal, molding, or milling.
For the milling and molding the tooling options can be chosen, along with speed and direction.
The file is converted to G-code which can be understood by CNC workshop machines.
2.6 Summary
Current use of prosthetics (SACH, CESAR) may result in poor gait development and
habits that can have long term negative effects on the amputee’s body (Lemaire et al, 1994).
More investigation into the medical applications of PAMs, hydraulic systems, and electric motors
is required to find the optimum system design to be used in a powered pediatric prosthetic
ankle. Each different mechanical system has advantages and disadvantages that need to be
further evaluated and weighed against the criteria central to pediatric prosthetics. Efficiency of
the power application and the accuracy of the system are high priorities, which equate to having
optimum energy densities and reliable sensor feedback systems to provide the measurements
during any phase of the gait cycle.
Each of the actuation system types come with disadvantages, but the system that
creates less impedance to the final outcome is the optimum system choice. The criteria that are
imperative to the designing of a pediatric prosthetic is the size and weight of the prosthetic. Any
system that cannot be scaled down or have the weight of the system kept to a minimum will fail
to meet the required criteria.
A prosthetic system that utilizes electric motors will need to take into consideration the
size and weight restrictions of the amputee. To maximise the torque of an electric motor, the
power transmission from a motor needs to be passed through a gearing system which will
provide a mechanical advantage. These gearing systems take up space and will add weight to
the prosthetic. The energy source will be a battery which has a high density
A prosthetic needs to be user focused, which requires the needs of the user centered
design process. For an amputee, the weight of the prosthetic is essential, and with a hydraulic
system, there is the weight of the complicated system, but also the density of the hydraulic fluid
which can range from 0.8 to 1.0 g/mL (Brubaker, 2017). Hydraulic systems require a reservoir of
fluid that can be pushed through a network of valves and cylinders. Every connection point in a
hydraulic system is a point of possible failure if there is a pressure build up due to system
loading.
Disadvantages with PAM systems are that there is the constant need for a pressurized
gas source in order to operate the antagonistic system and the force from the actuator
contraction is not consistent as the percentage of contraction increases. Pressures range from
10 kPa to 300 kPa (Verrelst et al, 2005; see also Daerden et al, 2002) and will have different
functional results. Every time the amputee takes a step, pressurized gas will be released,
depleting the supply. Health recommendations say to take 10000 steps a day, and the more
steps that are completed with an accurate gait cycle, the greater the reduction of early onset
health risks such as osteoarthritis in pediatric amputees. The other disadvantage of PAMs is the
reduction of force from the contraction as the contraction percentage increases. As 80% of the
required mechanical force of the gait cycle occurs at the toe off phase, the PAM that would be
used in that position would be at near maximum contraction as toe off occurs. This would mean
that the minimum force produced by the PAM would need to be able to equal 80% of the
required toe off force, or greater.
Having a prosthetic ankle using PAMs will allow for the development of a light weight,
compact, powered ankle with minimal moving parts and easy maintenance. If a PAM fails then
all that needs to happen is the PAM is removed from its mounting points, pneumatic tubing
removed, and then the new PAM can be installed into the system. A design feature to look into
might be the idea of having adjustable height ankle joints and then as the child grows, the joint
can be adjusted, and then a longer PAM can be installed. This will reduce the cost of the overall
prosthetic as the only purchasing will be the PAMs.
Automated systems require many iterations of code as there are debugging issues and
general timing/association issues as a mechanical system is developed and automated.
Arduinos allow for rapid uploading of code and adaptability to external hardware such as
sensors or valves to help control a pneumatic system. The small size of the Arduino Nano is
ideal for the use in a child prosthetic ankle as space is limited. Figuring out the best way to fit in
all the components and material design is optimized by the use of CAD. CAD allows for quick,
optimized simulations and the ability to send files to FDM machines for rapid prototyping. While
prototypes made from FDM machines will not be the final manufacturing method or be able to
take the full load simulated in CAD, it will provide the ability to observe issues and how the
system works as a whole.
Designing and developing a powered prosthetic ankle for children will require the use of
many components and techniques. As there is not a large amount of data specific to powered
prosthetic ankles for children, there is still the need to provide the ability to develop as natural a
gait cycle as possible to reduce the early onset of OA and other health issues. Designing a
powered pediatric prosthetic ankle using PPAMs will enable the use of a high power to weight
ratio, while having a simple pneumatic system.
Chapter 3.
Materials and Methods
The materials and equipment that were required for this research were streamlined to try
and use the same equipment across all tasks. This research project had a large design factor to
create a test bed and mock up of a possible solution for a pediatric transtibial/femoral amputee.
The primary equipment required was the use of SolidWorks CAD software (Solidworks,
Dassault Systèmes, Massachusetts USA) and a computer capable of rendering, evaluating and
simulating certain features and aspects of the generated model. FDM machines (Flashforge
Creator Pro (Creality, Los Angeles USA) and  MakerBot Creator, Stratasys, New York City
USA)) using both acrylonitrile butadiene styrene (ABS) and polylactic acid (PLA) 1.75mm
filament were used to create a 1:1 scale of the CAD model. ABS is a petroleum based,
thermoplastic that was extruded from the FDM machine at 210 ℃. PLA is a plant based
thermoplastic that was extruded from the FDM machine at 195 ℃. To generate a predicted
output force from a PPAM, the math modelling software MatLab (MathWorks, Massachusetts
USA) was used.
3.1 Ankle Design
3.1.1 Load Bearing Structure
An initial prosthetic ankle design was generated using CAD. As mentioned in the
literature previously, the main source of gait cycle energy is produced during the plantar flexion
of the ankle joint. Creating an accurate movement in the prosthetic ankle is vital to the success
of the prosthetic function. An ankle has inversion/eversion and plantar/dorsiflexion which work
on two different planes to allow for power (plantar/dorsi) and stability (inversion/eversion). While
an accurate biomimic of an ankle would provide both planes of movement, to maintain simplicity
for proof of concept, only plantar/dorsiflexion was chosen to be included. Plantar/dorsiflexion are
used during the gait cycle for energy through the cycle, rather than inversion/eversion which are
used for stability over uneven terrain. By choosing only to replicate the plantar/dorsiflexion, the
prosthetic ankle was simplified down to a basic hinge joint. The hinge joint needed to fit within
the specified height tolerance as specified by the design criteria. Having the prosthetic being too
large would impede, rather than assist the pediatric amputee. Looking at the size, weight and
cost will help to shape the design of the prosthetic ankle to better fit the needs of the amputees.
The design needs to have as few force focal points as possible.  These focus the forces
in a body and can create failure points. Focal points are created from straight edges or corners
in a structure. Once a load is applied to the structure, the forces in the structure get transferred
and focus on these points. Filleted edges, corners and rounded faces were therefore used to
minimise the number of possible focal points.
Large surface areas can help spread a force generated by a load, which prompted the
designed joint to be nearly the entire width of the structure (30 mm). The two main parts of the
prosthetic are designed as solid bodies in order to have the ability to transfer load. Internal faces
of the hinge joint are designed for a tolerance gap of 0.2 mm. The small tolerance takes away
the possibility of a friction fit in the hinge joint but removes the need for the axial to support the
loading forces. If a friction fit occurs, the required forces from the PPAM to create the joint range
of motion will be increased as the moment of friction will need to be overcome and maintained
throughout the movement. Tolerances in fitting joints allow for lower friction and therefore higher
efficiency of movement forces.
3.1.2 Load Bearing Materials
Material choices are crucial for the load bearing structure as failure of the prosthetic can
cause injury to the amputee and fail the ISO requirements. Four material choices were chosen
for the load bearing structure. These materials were chosen as they are used across industries
and  in the current prosthetic industry (McDowell, 2019) 1) High Density Polyethylene (HDPE) 2)
Ultra High Molecular Weight Polyethylene (UHMWPE) 3) 1060 Aluminium Alloy 4) 316 Stainless
Steel.
Due to time restrictions, only four materials were chosen to test. The important factors
for the materials were cost, density, strength, corrosion resistance and current applications. The
two polymers chosen to test were HDPE and UHMWPE due to the low cost of these two
polymers. HDPE, in 2020, cost just over $0.46 NZD per kg (Resource Recycling Inc, 2020),
while providing chemical resistance, easy machining and already used in prosthetics (Curbell
Plastics, 2021). UHMWPE has similar properties such as the chemical resistance, high wear
resistance, easy to fabricate and high impact resistance (Curbell Plastics, 2021).
Two metals were also chosen to compare against the performance of the polymers. 316
stainless steel and 1060 aluminium alloy both have corrosion resistance, high tensile strength
but increased density when compared to the two polymers (ShieldCo, 2020). When looking at
the tensile strength of the two metals, the stainless steel provides a greater tensile strength (505
MPa) then the aluminium (276 MPa), however, the aluminium has a reduced density (2.81
g/cm3) then the density of the stainless steel (8 g/cm3) (ShieldCo, 2020). From this preliminary
data, the projected outcome is that stainless steel will withstand a greater load when compared
to aluminium.
These materials are common materials used in many industries and also used in the
current prosthetic designs. Both HDPE and UHMWPE are used mainly as contact surfaces as
they are self lubricating to reduce the wear on other material surfaces. The aluminium alloy and
stainless steel are generally reserved for high loading bodies. These four materials will be
simulated in different combinations and with different loads from 200 N through to 350 N.
3.1.3 Range of Motion
Dorsiflexion is restricted to 22 degrees and plantarflexion is restricted to 55 degrees
(Hallaceli et al, 2014). Options for generating the stops at the specific degrees were discussed
and evaluated against the scope and timeline of the research project. There were two options to
limit range of movement: Namely, 1) Electronic: using a device that senses  rotation and
generates a signal once the desired limit is reached. 2) Physical: introduce a physical barrier at
the desired limits to stop the range of motion.
The use of physical barriers was chosen to reduce complexity. Figure 15 shows the
cross section of the modelled hinge joint for the prosthetic ankle.
Figure 15
Cross section of the top and base showing the physical stop tabs for the range of motion of
plantar/dorsiflexion.
Note. Section A-A shows the cross section of the prosthetic ankle structure. Inside, the physical
stop tabs can be seen around the edge of the semi circle path.
Figure 15, section A-A, shows the two main parts of the prosthetic structure and where
the physical stops are located. The tab furthest to the left of the model in Section A-A is located
at 22 degrees around the joint axis, while the tab furthest to the right in Section A-A is located at
55 degrees. Both the left and right tabs are located on the bottom part of the model, in a
semicircle channel as shown in Figure 16. These physical stop tabs will restrict the range of
motion for the ankle joint without the need for extra components.
Mounting points were added for the bottom PPAM mounting point and holes for the axial
to be fitted to secure the two parts together and allow for the joint movement. The top part in
Figure 17 shows the channel that a tab is located in that hits the tabs on the bottom part to stop
at the desired points. Similar to Figure 16, Figure 17 shows the mounting points for the top
PPAM mount, and a hole for the axial to fit through to allow for movement. Putting a channel in
the top part ensures there was less chance in the parts slipping sideways and missing or
unevenly hitting the tabs.
Figure 16 and 17
Mounting holes for the top and bottom PPAM mounts of the prosthetic ankle.
Note. Figure 16 shows the base part of the prosthetic ankle with the PPAM mount holes, axial
hole and semi circle groove. Figure 17 shows the top part of the prosthetic ankle with the PPAM
mount holes, axial hole and semi circle end with grove down the middle.
3.1.4 PPAM Mounting
Mounting the PPAMs to the model was not finalized, but was determined to be made
from 316 stainless steel for the strength properties as the ankle design has to withstand the
forces applied by the PPAMs. Figure 18 shows the initial design for one side of the PPAM mount
with a minimum number of force focal points that will ensure the forces applied by the PPAM are
distributed as evenly as possible. The top and bottom mount points show a similar design with
the top mount smaller than the bottom mount. In the model, screws are shown as the form of
attachment to both the top and bottom parts of the ankle. These screws were used to give a
reference for fixture points for the simulations.
Figure 18
One side of the PPAM mounts, showing force direction on the base mount.
Note. Model shows the plantar flexion half of the PPAM mounts. The mounts are attached with
screws into the main structure of the prosthetic structure.
In Figure 18, only one side of the PPAM mounts were tested as only one side will have
the required forces travelling through them to generate the energy during the plantar flexion.
Plantar flexion will require the mounts to tolerate the forces generated by the PPAM, while
during dorsiflexion the PPAM mount will not have a load put on until the dorsi flexion of the
prosthetic ankle reaches the 22 degree stop.
3.2 Simulations
Use of the FDM equipment will allow preliminary testing of the physical stops and
ensuring the parts would fit together as designed. 3D printing is not intended to be the method
of manufacturing, just used as an early, rapid prototyping method. After initial confirmation of
design, the simulations were able to be set up and run for data collection. The simulations
carried out in this research has not been further proven with a real world setting.
3.2.1 Static Simulations
Setting up the static loading requires the creation of the CAD model and for the purpose
of this research, it required the assembled structure of the prosthetic ankle. Both the top and the
base are attached with an axial in the hinge joint. This assembly will show where the failure
points are in the structure, if there are any. In Figure 18, it shows the fixture point at the base of
the prosthetic structure and the simulated load is applied to the top of the assembly.
Two simulations for the structure of the prosthetic were undertaken using the CAD
model, (Figure 18), one looking into the static loading capability of the prosthetic and a fatigue
analysis set up to look at the lifespan potential of the prosthetic. The static loading was set up to
replicate an amputee standing still, in relation to the prosthetic the top part will be in line with the
bottom part (no joint flexion). As each child has a different mass, the average mass of a 10 year
old was used (just under 30 kg) (Disabled World, 2017) and a range of different forces for the
static simulation was chosen. These forces were chosen to create a weight range to simulate
variance in 10 year olds. The force range was 200 N, 250 N, 300 N and 350 N. As well as the
different simulated forces, different materials needed to be simulated as the total cost and
weight of the prosthetic needed to also be considered. The materials that were selected to be
simulated were high density polyethylene (HDPE), Ultra high molecular weight polyethylene
(UHMWPE), aluminium alloy and stainless steel. These materials are commonly used in current
medical devices and prosthetics. A simulation data table was set up to record the data from the
simulations once they were completed.
Static loading simulations were carried out first as the data from these are used for the
fatigue simulations. For the range of static loading scenarios, an assembly is created between
the top, base and axial parts. Creating an assembly will allow for the point of failure and material
interaction when under load be identified and evaluated. Only the top and base have different
material combinations, with the axial remaining stainless steel for all combinations. Data that
was generated for the static loading  showed failure points and areas of risk.
3.2.2 Fatigue Simulations
The fatigue simulations were set up to replicate the walking cycles of a human. The
cycle counts were set at 1000, 2500, 5000, 7500 and 10,000 steps. These were to simulate
daily activity using the prosthetic and determining if the material choices would withstand the
cyclic loading. The area of fatigue was focused on the physical stops as these tabs would have
the cyclic loading on their surfaces.
For the fatigue simulations a static load setup was required, different to the previous
static loading simulations. Instead of creating an assembly, the new static load simulations were
performed on the individual parts, on the faces of the physical stop tabs. The physical stop tabs
on both parts are where the contact forces of fatigue are generated due to the restricting of the
range of motion. The tabs have a contact surface area of 32 mm2 (4 mm x 8 mm). As pressure
is generated by the force over a given area there is a proportional relationship with the area and
pressure.
𝑃 =  𝐹/𝐴
Equation 5. Pressure equation.
Where is pressure generated from the force ( ) divided by the area ( ).𝑃 𝐹 𝐴
If the area is decreased then the pressure will increase and vice versa. These tabs of the
physical stops are therefore determined to be the main failure points of the ankle design. The
static load simulated was estimated to be 300 N as the average weight of a child is just under
300 N as determined by Disabled World (2017) which needs to be moved by the PPAM.
3.2.3 PPAM Modeling
Determining if a PPAM could generate the required force required the use of
mathematical modelling through MatLab. The development of the PPAM was as recent as 2001
(Daerden et al, 2001) and has not generated many research papers and as a result,
mathematical modelling of the PPAM is not easily come by. It was then determined that using a
mathematical model of a McKibben PAM from equation 1, would not be a viable option as a
McKibben PAM does not generate as much force as a PPAM. Therefore if the calculated force is
equal to the desired force then a PPAM would work, as modelled from equations 2-4.
Attempts were made to contact Daerden and Verrelst for their assistance in creating a
MatLab code to more accurately model the desired PPAM size. However, the MatLab code used
for this research was generated independently of Daerden and Verrelst.
3.3 Weight and Costing
The weight of the designed prosthetic was calculated from the CAD model. SolidWorks
also takes the material properties of the selected material to simulate material cost per kg and
manufacturing method. Cost output is given in USD so a straight conversion to NZD was carried
out to generate an estimated cost in NZD.
The weight of the parts is calculated from the part’s volume, V,  and density, ⍴, as shown in
equation 6 below.
𝑊 = ⍴𝑉
Equation 6. Weight of an object calculated from the object's density and volume.
Where is the weight calculated by the density ( ) of the material multiplied by the volume of𝑊 ⍴
the material ( ).𝑉
Both the cost and weight of the prosthetic design need to meet the design criteria set out
in Chapter 2. Use of SolidWorks makes variations in design easy to adjust cost and weight
calculations, and to determine the best manufacturing method for the cost of each piece.
Chapter 4.
Results
From SolidWorks (Dassault Systèmes, Massachusetts USA) and MatLab (MathWorks,
Massachusetts USA), the data points were collected and tabulated. Four areas of interest were
collected: static loading factor of safety (FOS), fatigue cycling life percentage, costing and
weight. Figure 19 shows the fully assembled structure of the ankle with the PPAMs attached and
all four data sets helped to shape this design. All four data sets create a development platform
for future development of a powered pediatric prosthetic ankle utilizing PPAM.
Figure 19
Ankle Assembly ISO.
4.1 Ability to Withstand Weight of a Child
The 16 material combinations demonstrated the viability, or lack thereof, for the
prosthetic structure, consisting of a base part, top part and axial. The axial was set as stainless
steel 316 and not adjusted as the design of the joint reduced the flexion occurring throughout
the axial. FOS is crucial for the development of any device or structure that needs to support a
load. A patient wants to have confidence that the prosthetic will not fail under load causing
potential injury.
Both the base and the top were cycled through HDPE, UHMWPE, 1060 aluminium alloy
and 316 stainless steel. Figures 20-23 show the different combinations of materials and their
associated FOS. As the load increased a decrease in the FOS was seen across all material
combinations. The metal materials consistently showed a higher FOS than the FOS of the
polymers.
Figure 20
FOS of prosthetic with Aluminium base and all four material tops.
Figure 21
FOS of prosthetic with HDPE base and all four material tops.
Figure 22
FOS of prosthetic with UHMWPE base and all four material tops.
Figure 23
FOS of prosthetic with Stainless Steel base and all four material tops
4.2 Ability to Withstand Repetition of Loading
The fatigue simulations were to determine if the physical stops would withstand the
cyclic loading from daily use. The base of the prosthetic was first simulated as 1060 aluminium
alloy while the top part was cycled through all four materials. On the aluminium base, a static
load was applied to the face of the physical stop tabs that could then be carried through to be
repeated and generate fatigue data. The FOS for the aluminium base was determined to be >1,
determining that the base would not fail while under a load of up to 350N.
Table 2 shows the life percentage used of the base and the top. The life percentage
gives the total percentage of life used, allowing the subtraction of that percentage from 100%,
giving the percentage of life remaining in the structure. As shown in the table, there was no
recorded damage. Both the HDPE and UHMWPE tops show a complete degradation of the
material even after only 1000 cycles. This failure of the part is due to the FOS on the tab face
being below 1. Once a load of 300N was applied to the tab face, the material would fail and
therefore the failure would be carried throughout all cycles and fail at every cycle. Because the
HDPE and the UHMWPE failed the fatigue simulations up to 10,000 cycles, they were not taken
through to the 250,000 and higher cycles. The stainless steel top showed no damage
throughout the cyclic loading.
Table 2
Aluminium base with material top combination, up to 10,000 cycles.
Note. Where no damage was recorded, resulting in 0% life percentage used, indicating that the
structure of the simulated material is able to withstand the cyclic loading.
The percentage shown in the step count indicates the percentage of the product's life
that has been used while under the fatigue simulation. Stainless steel base showed similar
results as the aluminium base. There was no damage recorded, resulting in 0% life percentage
used. When compared to the HDPE and UHMWPE base, the metals are the only feasible option
of the four material combinations. Table 3 shows the results of the fatigue simulations for HDPE,
which are comparable to the UHMWPE results. The polymers are better used for applications
such as wear resistant facing as mentioned in the materials section 3.1.2. It might be wise to
look at using the polymers in conjunction with the metals as the metals can create high wear
with metal on metal rubbing. The tensile strength as mentioned in 3.1.2, supports the simulated
results in relation to the product’s life. The metals had the higher tensile strength and were able
to withstand a higher cyclic loading when compared to the polymers, which had the lower tensile
strength.
Table 3
HDPE base with material top combination, up to 10,000 cycles.
Similar to the polymer top parts, the base made from HDPE had a FOS less than 1,
creating a failure after just one loading cycle. The HDPE top and base had failure in both parts
at each cyclic loading scenario. Whereas, the metal top parts still showed 0 life percentage
throughout the cyclic loading. This is backed up by the data available on each of the four
materials, looking specifically at the stiffness properties given in Chapter 3.1.2. The metals are
shown to have a higher stiffness value than the polymers tested. With a lower stiffness value,
the polymers have an increased risk of reaching the plastic region of deformation than the stiffer
metals. Once a material reaches the plastic range of deformation the material will not be able to
return to its original shape.
4.3 Force Output from a Modelled PPAM
Information in Chapter 2 shows a lack of ability for McKibben muscles to perform the
required contraction force in the size that is required by the design criteria. Daerden et al (2002)
demonstrated the capability of the McKibben PAMs by the use of mathematical modelling and
real world testing. From their work, a MatLab code was able to be generated (appendix A) and
PAM size of 100 mm length and 10mm diameter was inputted. A 100 mm McKibben PAM has
not been shown in the literature observed, therefore not proving that a McKibben PAM of 100
mm would not generate sufficient contraction force. This is why the MatLab code was created,
to simulate the desired dimensions and prove a McKibben PAM would not be a viable option.
The data output was plotted (Figure 24) and shows the theoretical contraction force would not
be adequate for accurate biomimetic locomotion of the prosthetic ankle. The force line drops
below the 300 N cutoff line, indicating that using a McKibben PAM would fail in the aspect of
providing the desired energy into the gait cycle.
Figure 24
McKibben PAM plot of 1, 2, 3, 4, and 5 bar.
Image 24 shows the modelled contraction force of a 100 mm McKibben PAM, at 1, 2, 3,
4 and 5 bars of pressure, using the Matlab code in appendix 2. As the PAM contracts, the force
generated drops below the 300 N, showing the inadequacy of a 100 mm McKibben PAM.
Providing enough internal force to deform the elastomer tubing is inefficient for the percentage
of contraction that occurs. Deforming a material increases the risk of material failure as the
polymer bonds can enter the plastic region of deformation. The pressures were cycled from 1 to
5 bar going up in increments of 1 bar. With the results shown in figure 24, 1 bar was not able to
break above 300 N of generated force. These results were made using MatLab code shown in
appendix 2 and show a similar behaviour to the models plotted by the researchers in chapter 2.
Figure 25
PPAM modelled at 1 bar.
From the literature, authors Verrelst et al (2006) and Daerden et al (2001) demonstrated
the viability of PPAMs at 110 mm lengths and 20mm diameter. The initial starting forces are in
excess of 3000 N and degrade during the time of contraction while still above 300 N. Figure 25
shows the plotted PPAM data, demonstrating the 100 mm length, 5 mm radius, PPAM’s ability to
generate more than the desired 300 N throughout the contraction period while only having 1 bar
of pressure. This was using the Matlab code in appendix 1. Findings from figure 25 validate the
research into using PPAMs for use in pediatric amputees and potentially helping to reduce the
risk of early onset OA . The data shows strong evidence in reaching the required 300 N of
contraction force while also reaching a higher contraction percentage when compared to the
McKibben PAM contraction percentage in Figure 24.
Figure 26
PPAM Designed and simulated for use in the prosthetic ankle.
The comparison of contraction force between the McKibben PAM and PPAM shows that,
while the PPAM and the McKibben PAM were modelled at the same length (100 mm) the
McKibben PAM generates a lower contraction force. This is due to the utilization of the applied
gas pressure to the PAMs. McKibben PAMs use the initial pressure to overcome the
deformation requirements of the tubing to then allow contraction to occur. Whereas the PPAMs
use all of the applied pressure to unfold the membrane. Once the unfolding occurs, using as
little as 20 mBar Daerden et al(2001), the contraction force starts being generated. Unfolding of
a nonelastic membrane has a higher efficiency for force generation than deforming a material
using high pressure and the material’s elastic properties. Figure 26 shows the length of the
PPAM membrane at 100 mm.
4.4 Total Weight of the Current Design
The overall weight of the prosthetic design so far is based on the material densities and
the volume of the parts calculated by SolidWorks. From the design criteria, it was determined
that the overall weight of the prosthetic ankle design should not exceed 900 g. With the
properties of polymers and metals fairly well understood, the results of Table 4 reinforced the
fact that a higher density will equate to a higher overall mass.
Table 4
Total weight of the prosthetic structure without PPAM.
The parts composed of metal (316 Stainless Steel and 1060 Aluminium Alloy) have a
higher density than the polymers (HDPE and UHMWPE). This is clearly seen by looking at the
UHMWPE parts as they have the lowest density out of the three materials and the stainless
steel which has the highest density. There is an 860% increase in the weight of a component
when it is changed from UHMWPE to 316 stainless steel. Whereas if the component is changed
from UHMWPE to 1060 aluminium alloy the increase in weight drops to 290%. When this data is
joined with the static loading and fatigue data, the benefits of using stainless steel over
aluminium alloy are not obvious, as they give very similar results throughout the simulations.
4.5 Cost
The cost of manufacturing and materials for the main structural parts are estimated in
Table 5. As shown, each material has a different impact on the cost of each part. When
comparing the price across the top part, it shows that HDPE is the cheapest at $12.96 USD,
while stainless steel is the most expensive at $18.22 USD. However, when the polymer parts
are put through fatigue simulations to replicate cyclic loading, they fail to withstand the cycles of





It is advisable that children requiring a prosthetic after a lower limb amputation have the
option of a powered prosthetic ankle as this will help to reduce the risk of early onset OA. While
the Flex Run Junior is a suitable option for children due to their high activity level, this type of
prosthetic still fails to introduce mechanical energy into the gait cycle of the child.
The aim of this research was to determine the most effective way of generating and
introducing mechanical energy into the pediatric gait cycle. Keeping the prosthetic under a
certain size, weight and cost meant evaluating the actuation methods against these criteria. The
PPAMs showed the most promising results, staying above 300 N of contraction force. These
features were determined from the research to have the user as the center of the design
method and ensure the results are evaluated against what the user wants as an end result.
Each of the four material combinations were able to show how they behave when under
static and fatigue loading. The metals (1060 aluminium alloy and 316 stainless steel) were
shown to outperform the polymers (HDPE and UHMWPE) in the static loading, The polymers all
failed during the fatigue simulations. When composed of the metals, the design weighed a
minimum of 247.2 g and a maximum of 732.4 g. While the polymers weighed under 100 g, they
still failed under fatigue simulations using the current design. The aluminium alloy is the most
promising of the four material combinations as it is able to withstand both forms of simulation
and has a lower density than 316 stainless steel.
5.1 Size Reduction of Powered Prosthetic
The prosthetic structure as it has been designed has been set at a height of 110 mm by
joining the top and base parts in order to make use of the maximum space necessary for a
PPAM of 100 mm membrane length. It is important to maximise membrane length and internal
radius as the maximum force generated increases with the increase in both the length and
radius of the PPAM. The radius of the PPAM was set at 10 mm, half the radius of the PPAM
designed by Verrelst et al (2006). The PPAM designed by Verrelst et al (2006) was set at 110
mm in length, with a maximum force output at >3000 N. While a PPAM of similar dimension
would work for the pediatric prosthetic ankle, it would put the overall prosthetic height at >110
mm.
For the prosthetic to fit a pediatric amputee the height of 110 mm means that there is
only an estimated 60 mm space needed for a transtibial amputation as the ankle takes the
remaining 50 mm in height.
5.2 Weight Reduction of Powered Prosthetic
Materials chosen played an important part in determining the overall weight of the
prosthetic ankle. Modern prosthetics use composite materials to reduce weight while increasing
strength. The use of modern composite materials increases the cost of the prosthetic when
compared to the use of standard, single element materials. This finding has an impact on the
results of aim 4.
5.2.1 Metals
As expected, metals and polymers showed a significant difference in the overall weight
of the prosthetic. When comparing the metals, 316 stainless steel and 1060 aluminium alloy, the
weight of the parts made from the 316 stainless steel have nearly a 3x greater weight than the
1060 aluminium alloy. The metals showed similar positive results when put through the static
and fatigue simulations. They both over performed the minimum requirements for a ‘pass’ result
(350 N static and 10,000 cycles fatigue), and out-performed the polymers. While the stainless
steel did produce a greater FOS, the FOS of the aluminium is well clear of showing a high
potential for failure while under the expected load range of 200 N - 350 N. The fatigue
simulation results for both metals generated a ‘no damage result’ from the SolidWorks
simulations. This gives confidence that if either metal is selected, the prosthetic will not fail while
under cyclic loading over a long period of time in an ideal environment.
5.2.2 Polymers
Polymers are known to be less dense than metals, giving them an appeal when
designing a product within a weight restriction. HDPE and UHMWPE are already in use in the
medical industry and have multiple applications. A key advantage of these polymers is their
self-lubricating property under surface friction. With only a 2.3% difference in the overall weight
of a part made from the two polymers, the most suitable polymer to use was decided on the
basis of performance. The UHMWPE consistently gave a higher FOS when put under static
loading to simulate the weight of the child. While both polymers produced a FOS above 2,
HDPE performed less well than UHMWPE. However, when the polymers were put through the
fatigue simulations in an ideal environment, they could not withstand the cyclic loading. This
was due to the FOS of the range of motion tabs when the fatigue simulation was set up.This
static load was created on the range of motion tabs and then repeated a set number of times.
The FOS was below 1 when the 300 N was applied, resulting in failure after just one cycle. Due
to this failure during the fatigue analysis, the polymers were disregarded as a potential material
choice. While the idea of having the two main structural parts at under 50 g each, and weighing
at least 2.5x less than the metals, the polymers were not suitable to be used for this prosthetic
design.
5.3 Replicating the Natural Ankle Range of Motion
Accurate creation of the biomimicry of a natural ankle will provide the child amputee with
a better chance of reducing the risk of developing early OA. This can be achieved by restricting
the range of motion to 22 degrees dorsiflexion, 55 degrees plantar flexion and producing at least
300 N of force through the ankle joint during plantar flexion.
5.3.1 Toe-Off Force
After considering multiple methods of ankle joint actuation, the PPAM was shown to
have the best power to weight ratio. Using the 100 mm PPAM was proven to work above the
minimum force output of 300 N as shown in Figure 21. Appendix 2 shows how the data was
generated for the 100 mm PPAM as well as its ability to stay above 300 N throughout the
contraction phase. The use of PPAMs was backed up by the development of the second
generation of PPAM by Verrelst et al (2006) which was 110 mm long.
Proving that a 100 mm PPAM could generate the required contraction force required a
large amount of reverse engineering of the McKibben PAM MatLab code (see Appendix 1) and
again, reverse engineering the PPAM Matlab code. The literature that referenced the cited
equations (equations 1-4) did not provide the full picture of how these equations were used and
how to calculate their internal variables. However, for the purposes of this research a modelling
code was developed and produced the estimation of ample contraction force above 300 N.
5.3.2 Range of Motion
Achieving the desired range of motion was accomplished by creating physical stops
within the joint assembly (figure 15). While there was the option of using an electronic system,
this would create another layer of complexity in the pediatric prosthetic ankle design. These
physical stops were put through a fatigue analysis to determine whether they would be able to
withstand the cyclic loading from locomotion by the pediatric prosthetic ankle.
5.3.3 Control System
A control system was not designed within the scope of this research project. However, in
future work there is the need to develop a control system for the automation of the pediatric
prosthetic ankle. Arduino microcontrollers and their use within a wide range of projects is
covered in chapter 2 of this research. Arduinos allow for both analogue and digital I/O with
multiple sets of each. In the future, it will be necessary to develop a control system for the
automation of the prosthetic ankle.
5.4 Reducing the Cost
Cost is an influencing factor in decisions regarding the prosthetic options available to a
pediatric amputee. While ESAR and CESAR prosthetics can cost less than $10,000 NZD, the
powered prosthetics cost upwards of this. As children continue to grow, spending upwards of
$10,000 NZD after growth or physical change to a child’s residual limb, such costs may become
difficult for caregivers to afford. To create a more accessible powered prosthetic ankle for
children, the design needs to be simple, effective and affordable for all pediatric amputees.
5.4.1 Materials
Depending on what material is chosen, the cost will vary per part and therefore the cost
of the prosthetic will vary depending on the combinations of materials used. More traditional
materials such as polymers and metals cost less than more modern composite materials. This
research evaluated the use of HDPE, UHMWPE, 1060 aluminium alloy and 316 stainless steel
to create a cost comparison.
5.4.1.1 Top Part
For the top part of the ankle, HDPE was found to be the cheapest material to acquire
and manufacture, at approximately $12.96 USD per top part. The most expensive top part was
made from 316 stainless steel estimated at $18.22 USD. UHMWPE and 1060 aluminium alloy
were estimated at $14.41 USD and $15.60 USD respectively.
5.4.1.2 Base Part
The same materials were used to simulate and model the base part as were used in the
top part. The results were similar, with the cheapest part being HDPE at $13.06USD, stainless
steel again being the most expensive material choice at $19.50USD. 1060 aluminium alloy and
UHMWPE were again in the middle range of material prices at $14.63USD and $14.83USD
respectively (Table 5).
5.4.2 Overall System
While this research has focused on the load bearing structure and the actuation method
of the pediatric prosthetic ankle, there is still research and development needed for the control
and energy storage systems. These systems need to be simple, compact and affordable so as
to keep weight, cost and size to a minimum. For a control system to be simple and affordable
the parts need to be in general use and easily available. The development of an effective control
system design becomes a trade-off between size and affordability. While creating a specialised




This research aimed to produce an alternative pathway for the production of a powered
pediatric prosthetic ankle that is accessible to a larger population of children. This research has
established the feasibility of  producing a powered pediatric prosthetic ankle that is likely to
reduce the risk of OA. The three main criteria used as design scope when designing a powered
pediatric prosthetic ankle are size, weight and cost of the prosthetic ankle. There are many
actuation and material choices available, but those identified in this research have been
modelled, simulated and evaluated for their specific use in a pediatric prosthetic ankle.
This research found the weight of a completed prosthetic would largely be determined by
the cost of materials used, that is, the lighter the prosthetic the more expensive the material.
The overall size of the prosthetic was not bound to the weight and cost as there was the given
scope of 110 mm for the overall height. A pediatric prosthetic design process was developed
using the three design criteria and utilized to optimize the design.
The four materials tested were able to withstand the static loading of a simulated weight
ranging from 200 N through to 350 N, the polymers (HDPE and UHMWPE) did not withstand the
fatigue simulations. Both the metals (316 stainless steel and 1060 aluminium alloy) passed the
static loading and fatigue simulations, but as the aluminium alloy has a lower density, its use
reduces the overall weight of the prosthetic structure. These results indicate that 1060
aluminium alloy continues to be used for the main material of the main prosthetic structure.
Many different actuation methods were evaluated against the design criteria. It was
found that size and weight were the criteria that determined the method of actuation. While
more conventional actuation methods use motors, batteries and gearing, this research focused
on the possible use of PPAMs. PPAMs are compact, folded membranes that generate a
contraction force when pressurized gas is released inside the membrane. No gearing is required
and the mass of a PPAM consists of two metal end caps, fibres and a non-elastic membrane.
While there is the requirement for compressed gas storage, this system has not yet been
explored for use in a powered pediatric prosthetic ankle but the data from the MatLab modelling
show an adequate force for ankle joint actuation.
6.1 Future Work
The results of this research indicate that there are areas that need to be explored and
expanded with regard to joint action, energy storage and automation. Research into these key
areas will allow for a more developed design and evaluate the possibility of taking this design
further.
6.1.1 Joint Action
The fatigue analysis showed that 1060 aluminium would withstand the cyclic loading
above 10,000 cycles. However the effects of metal-on-metal friction need to be considered, as it
can cause heat build up, metal expansion and heightening degradation of the joint, resulting in
an earlier than expected prosthetic failure. For future work, this area of concern will need to be
explored and rectified. Possible options are an enclosed joint with lubrication via a grease
nipple, or using the self lubricating properties of some polymers such as UHMWPE. The use of
these polymers enables a layer to be attached to one surface in the joint to withstand the
majority of the surface wear.
6.1.2 Energy Storage
A method of energy storage for the compressed gas will need to be designed as this is
an important step in making this type of powered prosthetic. While there are many methods for
storing pressurized gases, the form, size and placement need to suit the needs of a pediatric
amputee.
6.1.3 Automation
Future development of automation of the prosthetic will be focused on its actuation. This
will entail the coding of a microcontroller, use of sensor networks and possibly the use of
artificial intelligence for learning of gait cycle patterns. While most of the parts necessary for
developing an automated system are readily available, the development of code and integration
of the entire system will need a particular focus.
6.2 Closing Statement
This research has highlighted the desirability of creating a powered pediatric prosthetic
ankle using common materials and PPAMs. While there is much research still to be done, the
results of this research highlight the research focus that will increase the quality of life for
pediatric amputees that require a powered prosthetic ankle.
Appendices
Appendix 1: PPAM MatLab Code
b = (1)/(sin(alpha_o).^2);
a = (3)/(tan(alpha_o).^2);
L_o = 0.24; %Original PAM length m
L = 0.24; %New PAM length m
k = (L_o - L)/L_o;
p = 5; %bar
r_o = 0.01; %original internal radius m
A_ep = 549.3455;
B_ep = 1.3907e3;
e_p = A_ep * exp(-p) - B_ep;
for loop = 40: -1: 0
k = (L_o - L)/L_o;
L_axis = L/L_o - 0.35;
x_axis = (1 - L_axis);
F = p*pi*r_o^2*(a*(1-(e_p*k))^2 - b);
disp(F);
disp(x_axis);
L = L + 0.002;
plot(x_axis, F, '.'); hold on
end
yline(300,'red',{'300N'})
Appendix 2: McKibben MatLab Code








A = pi * R^2;
a = pi * p * (R^2 / A);
for loop = 0: 1: 100
[K, E] = ellipke(m);
%f = (L/R * (1 - (ep)));
f_e = K / (sqrt(m)*cos(phi));
y = L_o/R * (1 + (a/2 * m * cos(phi).^2));
%plot(ep, y, '.'); hold on
%plot(ep, f, "."); hold on
F = p*L_o^2 *f_e;
plot(ep, F, '.'); hold on
ep = 1 - L/L_o;
L = L - 0.05;
n = n + 1;
m = m + 0.001;
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